Pulse wave imaging (PWI) is an ultrasound-based method for noninvasive characterization of arterial stiffness based on pulse wave propagation. Reliable numerical models of pulse wave propagation in normal and pathological aortas could serve as powerful tools for local pulse wave analysis and a guideline for PWI measurements in vivo. The objectives of this paper are to (1) apply a fluidstructure interaction (FSI) simulation of a straight-geometry aorta to confirm the Moens-Korteweg relationship between the pulse wave velocity (PWV) and the wall modulus, and (2) validate the simulation findings against phantom and in vitro results. PWI depicted and tracked the pulse wave propagation along the abdominal wall of canine aorta in vitro in sequential Radio-Frequency (RF) ultrasound frames and estimates the PWV in the imaged wall. The same system was also used to image multiple polyacrylamide phantoms, mimicking the canine measurements as well as modeling softer and stiffer walls. Finally, the model parameters from the canine and phantom studies were used to perform 3D two-way coupled FSI simulations of pulse wave propagation and estimate the PWV. The simulation results were found to correlate well with the corresponding Moens-Korteweg equation. A high linear correlation was also established between PWV 2 and E measurements using the combined simulation and experimental findings (R 2 ¼ 0.98) confirming the relationship established by the aforementioned equation.
Introduction
Changes in the vascular mechanics may have immediate ramifications on the onset and progression of cardiovascular disease (CVD) [1] and the aortic stiffness has been reported as an independent indicator of all-cause and CVD-related mortalities [2] . Collectively, it has been increasingly appreciated that assessing arterial stiffness could prove pivotal in routine clinical diagnosis, treatment and follow-up procedures [3] .
The arterial pulse wave velocity (PWV) has been shown to be related to the underlying wall stiffness through the MoensKorteweg equation [4] and has been used in a variety of applications for noninvasive estimation of arterial stiffness [5, 6] . The Moens-Korteweg equation has been established based on the assumptions of having an infinitely long, straight, isolated, and cylindrical vessel with elastic, isotropic, and homogenous walls, containing a homogenous, incompressible and nonviscous fluid [5, 7] . Most of the aforementioned assumptions may not be valid in vivo; nonetheless, the qualitative relationship between stiffness and PWV remains valid and forms the basis of the PWI method for stiffness estimation based on the PWV measurements.
The current clinical gold standard consists of obtaining the global PWV by measuring the difference in arrival times between the temporal pulse pressure profiles at two distinct sites, e.g., the carotid and femoral arteries, and dividing it by the over-the-skin measured distance [3, 8] . Such methods are at the core of most clinical studies involving the measurement of arterial stiffness [9] . Due to a number of factors, such as the lack of knowledge on the exact arterial geometry and the assumption of a single longitudinal flow direction between the carotid and the femoral sites, such methods may lead to an overestimation/underestimation of the true distance [10] . Most importantly, the wall stiffness has been shown to vary along the arterial tree, and therefore assuming a global PWV may not detect early onset or focal disease [11] . These and other fundamental limitations of the carotid-femoral methods have been reviewed in details elsewhere [12] .
Different imaging modalities, such as ultrasound [13, 14] and MRI [15, 16] have been used for noninvasive imaging of the arterial wall at multiple time-points during the cardiac cycle in order to track the propagation of the transient vibrations along the artery in 2D and estimate the PWV; in some cases together with simultaneous pressure measurements for determining parameters such as augmentation index (AI). More recently, the ultrasound-based method of pulse wave imaging (PWI) has been developed to fully analyze the wave propagation with high temporal and spatial resolutions and to measure the PWV locally. The PWI feasibility studies have been done in various applications such as normal and aneurysmal mouse [17] and human aortas [18] , aneurysmal and hypertensive patients [19] , and experimental aortic phantoms [10] . The PWI results have also been compared against the clinical method of applanation tonometry in humans [20] . Ongoing PWI studies are focused on verification of the method in the presence of regional changes in wall composition and geometry, such as aneurysmal wall and arterial branches.
Existing finite element method (FEM)-based models that simulate vascular biomechanical function primarily rely on solid-state (SS) modeling of blood vessels experiencing static or pulsatile internal pressure replicating the hemodynamic effects [21, 22] . More recently, fully-coupled FSI simulations using patient-specific geometries and anisotropic finite-strain constitutive relations have been reported in healthy and diseased arteries, aiming at computing biomechanical properties, such as fluid velocity and pressure, and wall displacement and stress [21, 23, 24] . Scotti et al. have extracted temporal wall displacement variation using dynamic FSI; however, no spatial information was obtained and therefore no PWV measurements were extracted [25] . Preliminary studies on performing FSI simulations of aortic pulse wave propagation have been reported by our group [11, 26] . The objective of this paper is to verify the use of such simulations of pulse wave propagation along the straight-geometry linearly elastic aortic walls against similar PWI studies on phantoms and in vitro canine aortas.
Materials and Methods

Canine Aorta
In Vitro. Aortas from male Mongrel dogs (total length of L ¼ 205 6 21.21 mm, n ¼ 2) were freshly excised from the thoracic to the suprarenal abdominal regions and kept in phosphate-buffered saline (PBS) during the entire in vitro experimentation. Given the known regional variations in the wall structural and mechanical properties, the wall was imaged along the descending (thoracic) and suprarenal abdominal (being respectively referred to as "proximal" and "distal" to the heart throughout the rest of the paper) to measure the pulse-wave-induced wall displacement at each location. Details of the ultrasound system and PWI setup are provided in Appendix A.1 (Fig. 1) . After completion of the PWI, the same proximal and distal regions on the aorta were used to extract the rectangular samples (in the hoop direction) for the mechanical testing. The aortic samples had a length equal to l ¼ 14.77 6 0.93 mm, width w ¼ 6.55 6 0.11 mm, and thickness t ¼ 1.99 6 0.08 mm (n ¼ 4) for the proximal, and l ¼ 13.51 6 2.39 mm, w ¼ 6.21 6 1.08 mm, and t ¼ 1.45 6 0.11 mm (n ¼ 4) for the distal cases. All in vitro experiments were completed within 24 h post-mortem. Details of the tensile mechanical testing are provided in Appendix A.2. The Young's modulus measured on the distal aorta was used as the reference for the phantom and simulation studies.
2.2 Phantoms. Shear rheometry testing was initially performed on small cylindrical samples (diameter d ¼ 6.68 6 0.44 mm and height h ¼ 4.20 6 0.52 mm) from phantoms of 15%, 20%, 25%, 30%, 45%, 60%, and 75% polyacrylamide (Fisher Scientific, PA, USA) gel concentrations (n ¼ 3 for each) [10] , in order to characterize the wall mechanical properties. The mechanical testing results were used to determine the gel concentrations which yield the desired Young's modulus of 110 kPa (reported for canine aorta in vitro) as well as lower and higher moduli of 55 and 220 kPa, respectively, representing softer and stiffer walls. Details of the rheometry mechanical testing are provided in Appendix A.3. The tube phantoms (n ¼ 3) from each modulus were manufactured with internal diameter d i ¼ 7.96 6 0.84 mm, thickness t ¼ 2.12 6 0.36 mm, and total length L ¼ 248.27 6 2.30 mm and were imaged with the same PWI setup described in Appendix A.1 ( Fig. 1 ) to map the pulse wave propagation and estimate the PWV.
2.3 FSI Model. 3D two-way coupled simulations of pulse wave propagation were performed using the coupled EulerianLagrangian (CEL) explicit solver of Abaqus 6.10-1 (Simulia, RI,
USA) (Fig. 2). A workstation with Intel
V R Xeon V R CPU @2.33 GHz and 32 GB RAM was used to carry out the computations. The model parameters were primarily determined based on the previous experimental measurements as well as existing literature on the canine aorta in vitro [27] . The tube geometry was set with an internal diameter of d i ¼ 8 mm, thickness t ¼ 2 mm and total length L ¼ 300 mm (Fig. 2(a) ). The wall was modeled with elastic material properties of density q s ¼ 1050 kg/m 3 , Poisson's ratio v ¼ 0.48, and Young's modulus E normal ¼ 110 kPa, E soft ¼ 55 kPa or E stiff ¼ 220 kPa, respectively, representing normal, softer, and stiffer walls. The same as in the phantom and in vitro studies, the fluid was modeled as water with density q f ¼ 993 kg/m 3 , sound speed c 0 ¼ 1523 m/s, and viscosity g ¼ 0.007 N s/m 2 [28, 29] . Additional details can be found in Appendix A.4, as well as in a previous publication on using CEL for modeling the arterial pulse wave along inhomogeneous walls [11] .
2.4 PWV-Based Stiffness Estimation. The PWV estimates from the wall displacement spatio-temporal maps were used to obtain the Young's modulus, E, via the Moens-Korteweg equation [4, 7, 30] , i.e.,
where v, q, t, and r denote the wall Poisson's ratio, density, thickness, and radius, respectively. This relation was the basis of establishing the correlation between the PWV 2 and E. A high correlation is favorable in the PWI method allowing for the detection of local changes in stiffness based on the noninvasive PWV measurements.
Results
Canine Aorta
In Vitro. Figure 3(i.a) depicts an example of the spatio-temporal plot from a distal region on canine aorta. The single forward-traveling pulse wave, used in the PWV calculation, is shown in Fig. 3(i.b) . Figure 4 shows the results of mechanical characterization of the phantoms as a function of gel concentration. Based on the linear fit, polyacrylamide gel concentrations of 30%, 45%, and 75% were found to yield the desired elastic moduli of 55, 110, and 220 kPa, respectively, and were used in the PWI examinations. Figure 3 (ii.a) depicts an example of the spatio-temporal plot from a 110-kPa phantom. The single forward-traveling pulse wave, used for PWV calculation, is shown in Fig. 3(ii.b) 3.3 FSI Model. Figure 3(iii.a) illustrates the spatio-temporal plot in the 110 kPa wall modulus simulation. The single forwardtraveling pulse wave, used for the PWV calculation, is shown in Fig. 3(iii.b) 
Phantoms.
Correlation
Between Stiffness and PWV. Table 1 summarizes the quantitative in vitro, phantom, and simulation results. The PWV-based estimation difference of the modulus is provided in the last row of the table which shows acceptable PWI performance except in the proximal aortic region and the soft wall simulation. Figure 5 illustrates the theoretical, i.e., Moens-Korteweg, relationship between the PWV 2 versus E (based on the parameters used in the simulation) as well as the measured data from in vitro, phantom, and simulations, showing a high linear correlation coefficient of R 2 ¼ 0.98, combined. Figure 5 shows that the three simulation data points () are reasonably correlated to the Moens-Korteweg line. Also, Table 1 shows that the difference of stiffness estimation was very low for normal and stiff models, i.e., less than 7%. However, the stiffness estimation accuracy is compromised in the simulation of the soft model, i.e. difference of 56.2%, most likely due to the larger and faster wall displacement in the soft wall causing possible undersampling effects by the selected spatio-temporal resolutions. Furthermore, as predicted by the Moens-Korteweg equation, the PWVs measured in the canine aortas, phantoms, and simulations were found to increase with the corresponding Young's modulus. The simulation parameters were obtained from the in vitro and experimental phantom measurements and the results from all studies were found to be in excellent agreement, R 2 ¼ 0.98. Therefore, the PWI technique was found to serve as a good basis for detecting the relative stiffness changes.
Discussion
Given the main focus here on validating the PWI method according to the Moens-Korteweg equation, simple geometry and a set of elastic material properties were considered in simulation and phantom studies. The PWI estimates on the phantom wall moduli showed that the method is able to describe the increase in the wall stiffness via the PWV estimates. However, the estimation difference was higher for the soft phantom most likely due to the much larger viscosity of soft phantoms obtained by shear rheometry (viscosity results not shown here). Similarly, the higher stiffness estimation error on the proximal aortic segment could be attributed to the large tissue inhomogeneity and viscosity. However, a lower PWV measured at the proximal confirms the mechanical testing results and previously reported findings that the thoracic region of the aorta is softer than the abdominal region [33] .
Unlike in the phantom and in vitro experiments where a continuous stream of numerous pulsatile cycles was simply achieved, performing the 3D fully-coupled FSI simulations for long durations was tested in this study by the current limitations in the computational power. Therefore, the simulation results here also reflect the initial transient of the dynamic wave behavior. Nonetheless, the high correlation established in simulations for all homogenous and nonhomogeneous wall properties studied as previously reported [11] , and the high correlation established between the simulation and experimental findings as well as the Moens-Korteweg theoretical relationship strongly confirm that the simulation framework accurately represents the wave propagation. As part of our ongoing studies related to the normal or pathological aortas, the 2D mesh is being considered in axisymmetric geometries, which allows for an affordable computational cost. In addition, despite the initial single cycle of the input function considered in this paper, the spatio-temporal plot demonstrates the existence of several forward (and backward) waves generated as a result of multiple reflections of the wave along the finite vessel length, primarily due to the higher velocities of the wall displacement wave (e.g., 2.72-8.46 m/s) compared to the fluid velocity (e.g., 1.5 m/s) and the fixed ends of the vessel. Table 1 Summary of PWV and E estimates from canine aortas, phantoms, and simulations studies. The last row indicates the difference between the PWI-based stiffness estimates and the reference values, i.e., mechanical testing results in canine aortas and phantoms studies and the input values in the simulations studies. Future investigations are needed to further assess the in vivo implications of the PWI simulations by better mimicking the physiologic conditions such as viscoelastic wall, non-Newtonian fluid and patient-specific velocity profile and geometry. Despite the fact that considerations of these factors could affect the numerical PWV estimates, the proportional change in PWVs due to change in the wall stiffness, as it pertains to the PWI calculations, is expected to remain valid.
Conclusion
This study shows the feasibility of using numerical solutions of pulse wave propagation along the walls of straight-geometry arteries for PWV and stiffness estimation as validated by the Moens-Korteweg formulation. The simulation results showed higher PWVs for increasing wall moduli and yielded accurate stiffness estimates. Furthermore, good agreement was found between PWV 2 and the E in both the simulation and experimental PWI findings from arterial phantoms and canine aortas in vitro. The outcome of this study encourages the application of PWI for the noninvasive and regional estimation of arterial wall stiffening, with implications extended to cardiovascular clinical diagnosis. Varistaltic, IL, USA), providing a sinusoidal flow of f ¼ 1.5-3.5 Hz, jVj ¼ 3.98-6.82 m/s into the aorta or phantom to induce the pulsatile wall displacement. A Sonix Touch (Ultrasonix Medical, BC, Canada) ultrasound system with a 10 MHz linear array was used to image the wall at 950 fps and 16-beam density. A radio frequency (RF)-based, one-dimensional cross correlation technique was used to estimate the temporal pulse-wave-induced wall displacement [10, 34] , averaged over 10 cycles. The spatiotemporal displacement variation was used to estimate PWV. In order to comply with the Moens-Korteweg assumptions, the best single forward-traveling pulse wave was identified on each spatiotemporal plot (also from the simulations) and the PWV was calculated as the slope of the linear regression fit (Fig. 2(c) ).
A.2 Tensile Testing Protocol. Tensile mechanical testing was performed on the canine aortic samples using an Instron V R 5848 microtester (Instron, MA, USA). Samples were first preconditioned under e ¼ 5% for 20 cycles at 1 Hz, followed by 5 cycles of tensile testing under e ¼ 40% at 0.0125 Hz.
A.3 Shear Testing Protocol. Shear rheometry was performed on polyacrylamide phantom specimens (TA Instrument, DE, USA). A biopsy punch of d ¼ 6 mm was used to extract the test samples. First, the samples were tested under e ¼ 5% compression to measure the compressive Young's modulus, E 0 , followed by an f ¼ 1 Hz oscillatory shear test under e ¼ 1% to measure the shear modulus, G. Given the quasi-incompressibility of the polyacrylamide phantoms [35] , the measurements from both tests were used to estimate an elastic modulus (E) defined as the average of the compressive Young's modulus and threefold of the shear modulus, i.e., E ¼ (
A.4 Simulations Framework. To imitate the clamped ends of the phantoms and in vitro aortas, both ends of the tube were fully constrained in three dimensions as the boundary conditions in the simulation. Relative ambient pressures of 0 and 200 Pa were exerted around the tube, mimicking the immersion of the tube phantom under 2 cm depth of water in the experimental setup, and on the outlet, respectively. (Alternatively, absolute pressures could have been considered by adding the atmospheric pressure on both the surrounding and the tube outlet, however, no change in results were expected.) A sinusoidal initial fluid velocity (f ¼ 1.5 Hz, jVj ¼ 3.98 m/s) was applied on the tube inlet. Free and nonreflecting boundary conditions were, respectively, appointed on the fluid inlet and outlet cross sections to ensure continuous fluid flow and to minimize any boundary effect reflections. A friction coefficient of l ¼ 0.001 was assumed between the fluid and the solid wall surfaces. A mesh seeding size of 1.8 mm was found to be optimal in providing a converging stable solution while computationally affordable. The model contained a total number of 26691 elements and 30642 nodes. The initial time increment was 4.85 Â 10 À7 s with the average stable time increment and total CPU time, respectively, varying between 7.41 Â 10 À6 and 14.75 Â 10 À6 s, and 1.37 Â 10 6 and 1.46 Â 10 6 s, across different simulations. Additional details on using CEL for modeling the arterial pulse wave propagation can be found elsewhere [11] . In the radial direction (wall thickness), only one point was selected along the entire length of the tube to segment the wall and to measure the average wall displacement at the wall middle path (similar to the experimental and in vivo PWI studies). Axial spatial and temporal resolutions of 1.6 mm and 4 ms were used to measure the propagation of the wall displacement along the aorta (Fig. 2(b) ) and the information was mapped onto a 2D spatiotemporal plane (Fig. 2(c) ). Given the focus of the study on PWV estimation, the above parameters were considered to properly capture the wave propagation along the tube axial direction.
